The measurement of in vivo intramuscular pressure (IMP) has recently become practical and IMP appears well correlated with muscle tension. A numerical model of skeletal muscle was developed to examine the mechanisms producing IMP. Unipennate muscle is modelled as a two-dimensional material continuum that is incompressible and nonlinearly anisotropic. The finite element technique is used to calculate IMP and muscle stress during passive stretch and during isometric contraction. A novel element models the contractile portion of muscle, incorporating sarcomere length-force and velocity-force relations. A range of unipennate muscle geometries can be modelled.
Introduction
Gross movement of the body arises from the contraction of skeletal muscles. Although muscles fulfil a very broad range of tasks, from fine motor control to explosive power, all skeletal muscles are constructed from the same basic contractile unit, the sarcomere. The arrangement of sarcomeres in each muscle determines its function (Benninghoff and Rollhaüser 1952, Gans and Bock 1965) . However, despite decades of muscle studies, the relationship between individual sarcomere function and overall muscle behaviour is still not fully understood.
Sarcomeres connected in series form muscle fibres which contract in concert. Muscle fibres are organized in parallel and held together via extracellular matrix proteins and connective tissue. Extracellular components connect the contractile fibres to the tendons which ultimately transfer force to the skeleton. Generally, muscle fibres act at an angle (pennation) relative to the direction of muscle force. Muscle maintains a constant volume during contraction (Swammerdam 1737) and, due to its architecture, is anisotropic and nonlinear in its behaviour (Strumpf et al 1993 , Yin et al 1987 , Fung 1981 . Examining the relationship between sarcomere and muscle mechanics, which produce the length-force and velocity-force behaviour of muscle (Hill 1938) , and exploring the development of intramuscular pressure (IMP) due to muscle incompressibility (Hill 1948 ) would improve our understanding of overall muscle function.
Much experimental work and mathematical modelling has investigated these relationships to date. The architectural influences of pennation angle (Spector et al 1980 , Savelberg and Schamhardt 1995 , van der Linden et al 1998b and the curve of muscle fibres and aponeuroses (Otten 1988 , van Leeuwen and Spoor 1992 are significant. The contribution of elastic components such as tendon and aponeuroses (Lieber et al 1991 , Morgan et al 1978 , Zuurbier and Huijing 1992 , and lateral interaction of fibres (Street 1983) to the overall anisotropy of muscle tissue (Strumpf et al 1993 , Margulies et al 1994 have been examined in addition to muscle incompressibility , Otten 1988 ).
Due to the incompressibility restriction, muscle contraction causes a reversible distortion of muscle architecture and an increase of hydrostatic pressure in the fluid within muscle fibres. Atraumatic in vivo measurement of IMP has recently become practical and is thought to be well correlated with muscle force , Bauman et al 1979 . However, muscle models typically have not been developed to simulate IMP during skeletal muscle contraction.
The goal of this paper is to present a mechanical equilibrium model of skeletal muscle, based on the finite element (FE) method, which models IMP during muscle contraction. The model is validated against animal experimental results , and the merits and limitations of the current approach are discussed.
Mechanical continuum description of muscle
Skeletal muscle tissue presents several modelling difficulties since it reversibly undergoes large deformation and large shearing during contraction. The operating length range for active muscle can be from 0.5 to 1.5 of the optimal length (Burkholder and Lieber 2001, Woittiez et al 1983) . Tissue characteristics are also nonlinear and anisotropic. Secondary difficulties arise due to the phenomena of muscle fatigue, Ca 2+ sensitivity, load history effect (Huijing and Baan 2001) and force potentiation (Meijer et al 1997 , 1998 , Sweeney et al 1993 , Roszek et al 1994 . The current model ignores these secondary time-dependent effects. Since actively loaded sarcomeres are well integrated within the passively loaded connective tissue (i.e., collagen network, aponeuroses and tendons), the tissue is best described as a mechanical continuum. A continuum description allows the large reversible deformations and nonlinear anisotropy to be modelled explicitly.
Configuration descriptions
The reference configuration, X, is defined as the unstimulated muscle under no external loading. With stimulation or external loading, each material point within the continuum moves u with respect to their reference positions. The deformed configuration at an arbitrary time is therefore
with the time derivative being (Mase and Mase 1999)
Kinematics of deformation
Two arbitrary points in the reference configuration are separated by dX and in the deformed configuration by dx. These are related, independent of time, by
where F is the second-order symmetric deformation gradient tensor. Similarly, the time rate of change of F is found viȧ
Two other second-order symmetric deformation tensors will be useful to define; Green's deformation tensor
and the Lagrange finite strain tensor
where I is the unity tensor of appropriate dimension. The multiplicative change in volume from the reference to the deformed configuration is related to the Green deformation tensor as follows:
where the symbol A is used to indicate that in the two-dimensional continuum developed in section 3, equation (7) calculates change in area. Using the deformation tensor F and its time rate of change, the rate of deformation tensor, V , is found with an intermediate tensor, H , as follows:
where V is a second-order symmetric tensor containing the time rate of change of continuum deformation (Mase and Mase 1999, Chou and Pagano 1992) .
Local and global coordinates
The reference and deformed configurations may be defined with respect to any arbitrary coordinate frame. It will be useful in the FE development in section 3 to consider two frames: local and global coordinate frames. The local coordinate frame is defined with respect to arbitrary landmarks composed of a subset of points in the continuum. In the FE description of the material continuum, each individual element will possess a unique local coordinate frame. The global frame is defined with respect to landmarks from the entire continuum in the reference configuration. The global coordinate frame can be transformed into the local frame as follows:
where m and M are the same arbitrary second-order tensors defined with respect to the local and global coordinate frame, respectively. The rotation matrix R is defined as
whereê i are the unit vectors defining the local coordinate frames axes. The reverse transformation (local to global) uses the same rotation matrix
Internal state of stress
The internal state of stress in the muscle continuum can be defined with respect to either the reference or the deformed configurations. Considering an infinitesimal force df acting on the surfaces dS, of a parallelepiped aligned with the reference configuration axesN . As the parallelepiped volume approaches zero
where P is the first Piola-Kirchoff stress tensor and T (N) is the reference configuration stress vector acting alongN . The same force acting on a parallelepiped with surfaces ds within the deformed configuration similarly defines
where σ is the Cauchy stress tensor and t (n) is the stress vector acting along the deformed axeŝ n. These stress descriptions are related as follows (Mase and Mase 1999) :
Both stress descriptions will be useful in the FE development. The Piola-Kirchoff stress tensor is used during the iterative solution process. The Cauchy stress tensor is used after the solution process converges to calculate hydrostatic pressure.
The Cauchy stress can be decomposed into the hydrostatic component, σ hs and the deviator component σ dev as follows (Mase and Mase 1999) :
Hydrostatic stress, σ hs , is the state of stress where the stress components are equal in all directions at each arbitrary point,
where
p is the hydrostatic IMP at that local point in the continuum (Mase and Mase 1999, Chou and Pagano 1992) .
Hyperelastic constitutive equation
Making the assumption that there is no energy dissipation during deformation and that all strain in the muscle continuum is reversible, the internal stresses and strains are related by the general elastic relation of Hooke's law
where G is a symmetric tensor-valued function and e is the Lagrange finite strain tensor from equation (6) defined in the local coordinate frame. It is further assumed that a strain energy density function W exists such that
so that the muscle continuum is considered hyperelastic. This assumption is used in section 3 to determine the stiffness matrix for the FE model (Mase and Mase 1999, Chou and Pagano 1992) . Three modes of element strain are considered in each local coordinate frame: strain parallel to local fibre direction e 2 , strain perpendicular to fibre direction e 1 and shear strain e 12 (van der Linden 1998a). These scalar strains are derived from e as follows: 
where e ij represents the ijth component of e. The time rate of change of strain parallel to local fibre direction in local coordinates v is also found from the time rate of change tensor, V (equation (9)) as
Note that the negative sign means that shortening velocities are considered positive, as is the convention in muscle physiology.
Finite element (FE) model
To enable geometrical flexibility so that various muscle architectures can be simulated and to solve for mechanical equilibrium in the muscle continuum, the FE method is used to solve the equilibrium deformation and stress state of the muscle during stimulation and external loading (van der Linden 1998a). The material nonlinearity and anisotropy are also easily incorporated and distributions of stress and pressure can be calculated. The FE model is a two-dimensional, plane strain approximation of pennate muscle (figure 1). Anatomically, the contractile tissue is surrounded by a cell membrane that is Muscle fibres are considered to be of equal length and parallel with a constant pennation angle (θ ) when unloaded. Fibres are connected at each end to aponeuroses. The FE model mesh (bottom) composed of aponeurosis and contractile elements is constructed on this approximate geometry. One end of the muscle is fixed (n origin ) with displacements applied to the other (n insertion ) along the muscle long axis (u x displacement).
integrated within a collageneous network of connective tissue. The network is continuous with the structure of the aponeuroses and tendons at the periphery of the muscle. In the current model, the collagen network is assumed to be two-dimensional and its material properties are combined with the sarcomeres to form the contractile tissue. The aponeurosis is modelled as distinct from the contractile tissue, but together these components comprise the muscle continuum. The model uses commercial FE software (ANSYS 5.7, Ansys Inc., Southpointe, PA) and two element types are employed: aponeurosis and contractile elements.
Aponeurosis element
The aponeurosis is modelled with linear spring elements (ANSYS element COMBIN39). These resist load only in tension along its long axis and are loaded and unloaded along the same curve. The scalar-valued strain energy density function W (equation (20)) and its derivative with respect to strain are
such that the derivative is linear. The constant NS was found from material testing of ex vivo rat gastrocnemius muscle to vary linearly along the aponeurosis (van der Linden 1998a). Its value ranged from 120 N mm −1 at the origin and insertion (points A in figure 1 ) of the muscle to 30 N mm −1 within the muscle (points B).
Contractile element

Passive stress.
No element existed in the commercial software to model the active loading due to stimulation of contractile tissue, so a novel element (defined as ANSYS element USER100) was created in Fortran source code and compiled into the ANSYS software (van der Linden 1998a). This contractile element acts as the summation of the (28) contractile behaviour of multiple sarcomeres attached in series and in parallel. The influence of the passively loaded collagen network gives the elements a nonlinear anisotropic behaviour independently along the fibre direction, perpendicular to the fibre direction and in shear. These elements are also incompressible.
The total stress state of each contractile element is the sum of the stress due to passive stretching of the collagen network and active stimulation (van der Linden 1998a). The passive portion of the strain energy density has two parts
where W 1 is the passive component arising from the stretching of muscle fibres, connective tissue and endomysial tissue, and W 2 accounts for element incompressibility. W 1 has three components
The components of W 1 are found with the strains in equations (21) as follows: and additionally, for shear
The values of the a i used are listed in table 1 and the strain energy density functions are plotted in figure 2(A). In the FE method, true incompressibility cannot be realized numerically, so a penalty function is employed to minimize change in element area A * (equation (7)). Two characteristics are accounted for. Muscle fibres are considered to be elastic-walled cells filled with inviscid fluid. The fluid should be able to migrate freely within the cell. However, the walls of the cell are constrained by the adjacent cells. The penalty function therefore contains a fluid component and an elastic solid component to account for these phenomena. Change in element area is calculated both globally (A * average ) and locally at each element integration point (A * ) where 27) where N is the number of integration points. When A * average is kept to 1, the element behaves as a fluid and as a solid when all A * are 1. The penalty function was
where the weighting factors (ρ, solid and λ, fluid) are listed in table 1. Note that if both area estimates, A * and A * average , are 1 and the area is unchanged, then the W 2 component of strain energy density is zero (van der Linden 1998a).
Active stress.
Contraction of muscle fibres is modelled as an application of stress on the contractile elements along the fibre direction. Active fibre stress is prescribed in each local coordinate frame and the strain response is dictated by the passive components of the element. Active stress is dependent on three independent relations (Hatze 1981) as follows:
where q(t) is the amount of element stimulation ranging from 0 (relaxed) to 1 (fully stimulated) and SF is the specific force of skeletal muscle tissue (table 1) . For reasons of simplification, the specific force SF is considered constant for all muscle fibres and for all levels of stimulation. Secondary load history factors which alter the influence of stimulation, including fatigue, potentiation and Ca 2+ sensitivity, are ignored. The remaining two functions are the length-stress and the velocity-stress relations which arise from the mechanics of muscle contraction (Hill 1938) . According to the sliding filament theory of contraction (Huxley 1957) , active sarcomere stress is dependent on the amount of filament overlap. Assuming all sarcomeres are identical in the current model, active stress is therefore related to local element strain as follows:
where the constants b i are listed in table 1 and equations (30) are plotted in figure 2 (B). The velocity-force relation is modelled as in Hatze (1981) 
where the constants c i are listed in table 1. Equation (31) is plotted in figure 2(C). It is assumed that the velocity-force relation for maximal stimulation is also valid for submaximal stresses. Since active stress is applied to each contractile element in its local coordinate frame, active force production is easily modelled in curved muscle fibres assuming enough fibre elements are included (van der Linden 1998a). The flow of calculations in the iterative solution process is shown in figure 3. 
Iterative solution process
The FE method is described in great detail in a number of references (Zienkiewicz and Taylor 1994) . Basically, a static solution (i.e., a solution that ignores element mass and viscosity effects) is found iteratively in which all elements are in force and displacement equilibrium simultaneously. This takes the form
where K is the fourth-order element stiffness tensor, u is the vector containing local nodal displacements and L is the vector of local nodal forces. The stiffness tensor is constructed from the strain energy density function defined in equations (23)- (26) and (28) via the PiolaKirchoff stress tensor of equation (29) as follows:
The nodal force vector is found as follows:
The solution to equation (32) is found by iterating the displacement vector u.
Choose initial node displacements, u
Find deformed configuration,
Find deformation and rate of change tensors, 
Calculate nodal force vector, L
Minimize, ( ) 
Model geometry
The contractile and aponeurosis elements can be arranged to model any pennate muscle geometry which has been isolated from its surroundings. The model assumes that a representative, longitudinal plane can be assigned through the in vivo muscle that contains both the insertional and original tendons. In the current set-up, it is also assumed that the muscle within the plane is unipennate with a constant pennation angle. The current study models the mid-sagittal plane of the unipennate tibialis anterior muscle of the white New Zealand rabbit (figure 1) which has been dissected from its surroundings. Relaxed muscle length (l muscle = 69 mm), fibre length (l fibre = 46 mm), aponeurosis length (l apon = 23 mm) and pennation angle (θ = 6
• ) were each identified from animal experimentation (Lieber and Blevins 1989) . Sixteen contractile elements (each representing multiple sarcomeres) are connected in series to form each muscle fibre. Sixteen fibres are joined in parallel via 32 aponeurosis elements to form the contractile portion of the muscle. The aponeurosis elements are 2-node beam elements (one-dimensional) and contractile elements are 8-node quadrilaterals. The original node n origin is kept fixed and the insertion n insert is free to be displaced along the x-direction (figure 1). Stimulation between 0 and 1 is applied to all contractile elements equally, and the initially straight muscle fibres are free to curve when actively or passively loaded. The number of elements employed in this study are the minimum necessary to produce the desired resolution of 4 mm 2 in pressure distribution. Using twice the number elements was not found to significantly alter model output (change in IMP at muscle centre of <5% and change in stress at insertion of <3%) but did increase computation time by 450%.
Relaxed and stimulated muscle is modelled over a range of lengths. The optimal muscle length, l 0 , is defined as length of reference configuration (i.e., relaxed with no external loads or displacements applied). The tested length range is from l/l 0 = 0.75 to 1.25. Stress at the insertion tendon and IMP are determined at each length. IMP is measured at the node located at the centroid of the reference configuration. For stimulated muscle, total stress and pressure are measured. These can be decomposed into their active and passive components by subtracting the relaxed (passive) results from the total results.
Validation
IMP distribution and muscle stress at the insertional node are the two model outputs of interest. Both are validated against the animal experimentation results from Davis et al (2002) . This validation study involved electrical stimulation of the isolated tibialis anterior via the peroneal nerve in anaesthetized New Zealand rabbits. Muscle stress was measured at the detached insertion tendon via a load cell. IMP was measured 17 mm from the insertion tendon along muscle centreline using a novel fibre-optic pressure sensor . Pressure and muscle stresses are measured for relaxed and stimulated muscle with the muscle length fixed.
Results
Muscle stress
Isometric muscle stress curves behaved similar to IMP curves with respect to muscle length. Relaxed muscle stress versus relative muscle length ( figure 4(A) ) showed the characteristic stress-stiffening behaviour of connective tissue under tension for l/l 0 > 1. Experimental passive stress results showed no resistance to passive shortening (l/l 0 < 1), whereas the simulation predicted resisting (negative) stress for muscle lengths of l/l 0 < 0.85. Passive stress plateaued at approximately 200 kPa for l/l 0 > 1.5 in the animal experiment, perhaps due to tissue damage. Simulation did not predict this, but indicated an increasing trend and overestimated the passive stress for l/l 0 = 1.15 to 1.25. Total stress in maximally stimulated muscle was approximately 250 kPa at optimal length, l 0 , and was reduced at shorter lengths ( figure 4(B) ). Total stress increased for l/l 0 = 1.10 to 1.25 in both the experimental and simulation data, but FE simulation overestimated stress for l/l 0 > 1.15, most likely due to the overestimation of the passive component of stress, as seen in figure 4(A) . The simulated active component of stress (total stress minus passive stress, figure 4(C)) agreed well with experimental data over the range 0.85 < l/l 0 < 1.15, but overestimated stress outside this range.
Intramuscular pressure (IMP)
The IMP versus normalized muscle length for relaxed and maximally stimulated muscle are plotted in figures 5(A)-(C), respectively. The experimental data showed passive IMP to increase for l/l 0 > 1 (figure 5(A)) similar to passive muscle stress, with a plateau for l/l 0 > 1.15. As with passive stress, the simulation predicted an increase in pressure and therefore overestimated IMP in this length range. A slight increase of approximately 10 mmHg in IMP in the shortened range from l/l 0 = 0.90 to 0.75 was seen experimentally but not in the simulation. The FE model instead predicted a 5 mmHg decrease in pressure over this range. Simulated total IMP for stimulated muscle followed the same magnitude and shape trends as the experimental data from l/l 0 = 0.75 to l/l 0 = 1.25 ( figure 5(B) ) although the experimental data showed greater variability in IMP over the entire length range. The drop of approximately 10 mmHg in the experimental IMP between l/l 0 = 1.05 and l/l 0 = 1.13 was not predicted by the simulation. The active component of pressure (figure 5(C)) was well modelled by simulation and showed a similar ascending and descending behaviour centred about l 0 , as with active stress. For l/l 0 > 1.15, experimental IMP plateaued at 0 mmHg, which was not predicted by simulation. Figure 6 plots the simulated IMP distributions for 0.875l 0, 1.0l 0 and 1.125l 0 for relaxed, submaximally (50%) and maximally stimulated muscle, respectively. Note the region of uniform hydrostatic pressure around the centre of the muscle belly that is present for all the length and stimulation conditions. Isometric muscle stress and IMP for maximally and submaximally (50%) stimulated muscle versus normalized muscle length are plotted in figure 7 . The ascending-descending trend centred around l 0 is preserved in both cases and the magnitudes of the muscle stress and IMP scale with the amount of stimulation.
Discussion
The FE model of IMP successfully predicts relaxed and contracting rabbit tibialis anterior IMP. The simulation has been validated against the results of in vivo animal experiments and good agreement in pressure results is obtained between the relative muscle lengths of 0.85 < l/l 0 < 1.13. Muscle stress agreed well between 0.84 < l/l 0 < 1.09. At the extremes of the muscle lengths tested (around 0.85l/l 0 at the short end and 1.15l/l 0 at the long end), the simulation had reduced agreement with the animal model data. This is likely due to two causes. First, when severely lengthened, it was possible that the rabbit muscle tested in Davis et al (2002) suffered damage (i.e., ripping of the aponeurosis). This could have produced the plateau in the passive stress and pressure causing the FE simulation to overestimate these components and subsequently poorly predict the active components. Secondly, at the length extremes, individual elements would undergo severe shape changes in the form of shearing. This produced errors in the FE software which were suppressed since they did not stop the convergence of a solution. It is possible that numerical errors in pressure and stress results arose at these lengths due to this adverse shape change.
The IMP in the animal model was measured using a novel fibre-optic-based microsensor which has the possibility of being used in human motion studies to measure the pressure on a real-time basis during activities of daily life such as walking. It has been suggested by previous researchers , Bauman et al 1979 that muscle tension realized at the tendon insertion and origin are correlated with IMP and that IMP can be used in vivo as a method for direct measurement of muscle force during movement. The production of IMP was shown to scale linearly with increasing stimulation of muscle from relaxed to maximal. Whether this linear relationship is realized in the animal model requires that sub-maximal contraction be studied in addition to the testing done to date.
The FE model was based on a plane strain assumption of the muscle mechanics. This limits strain to lie only in the plane of the model. Analytical planimetric models have been previously introduced for muscle (van der Linden et al 1997, van Leeuwen and Spoor 1996) , which agreed well with animal models in rat and rabbit for intact and isolated muscle fibres. The limitation of these models is their severe simplification of muscle geometry (i.e., linear, parallel fibres of equal length and linear aponeuroses). More importantly, they produce geometric solutions. These solutions, therefore, contain unbalanced forces within the muscle continuum and mechanical equilibrium has not been achieved. The FE method produces a solution of mechanical equilibrium which, although a plane strain approximation, is an improvement on these past planimetric models. Since the mechanical equilibrium is a requirement of the finite element solution process, the results reported for the development of IMP, for force transmission between muscle fibres and from muscle fibres to aponeurosis and tendons are more reliable than past models, whose solutions possess unbalanced forces. Although the aponeuroses are modelled as linear and the fibres are assumed to be linear and of equal length in a relaxed state at rest length in the current model, the fibres and aponeuroses are allowed to bend due to passive and active stresses. This has also been a limitation of previous planimetric models which force the linear geometry of fibres and aponeuroses throughout length changes and stimulation states (Huijing 1999) . Therefore, these previous models have been unable to calculate the stress and strain gradients along fibres or aponeuroses. The change in stress along the aponeuroses (point A to near point B, figure 1) was found to change from 2.14 kPa to 26.9 kPa during passive lengthening of relaxed muscle to 1.125l 0 (figure 6). Along the edge fibre (near point B to point A) stress ranged from 17.4 kPa to 2.14 kPa at 1.125l 0 . During maximal isometric contraction at optimal length l 0 , aponeurosis stress ranges from 6.68 kPa to 68.6 kPa (A to near B). It, therefore, seems likely that the gradient in aponeurosis stress is an important mechanism in the change in muscle geometry due to internal and external stressing.
During both passive and active stressing of the muscle, the distribution of IMP showed moderate gradients close to the musculo-tendinous junctions. Larger IMP values were found at the intersection of aponeurosis and edge fibres within the muscle (101 mmHg near B during passive lengthening to 1.25l 0 and 19.1 mmHg during maximal isometric contraction at l 0 ). This is perhaps due to the simplified assumptions regarding muscle geometry which causes the fibres to meet the aponeurosis and tendon connective tissue structures at discrete angles more adverse than what occurs naturally. However, these large pressure gradients may also be indicators of the mechanism by which tension produced by individual fibres within the muscle belly are integrated into a uniform tension realized at the tendon.
In the central region of the muscle belly the IMP is relatively uniform; changing 14.5 to 17.3 mmHg over 17 mm along the muscle centreline during passive lengthening to 1.125l 0 and from 19.2 to 20.3 mmHg during maximal isometric contraction at l 0 (figure 6). This was the case during passive length changes in relaxed muscle and during both maximal and sub-maximal isometric contraction. This area of uniform pressure has relevance to future use of IMP in vivo. If IMP is to be reliably correlated to muscle tension at the tendon, then a uniform and repeatable pressure measurement that is insensitive to variability in transducer placement will be required. If the transducer is placed too close to either the proximal or distal musculo-tendinous junctions, where the pressure gradient is large, then small variability in the placement of the transducer on the same subject during multiple visits or in different subjects, will lead to large variability in the measured pressure. This would render the calculated muscle tension highly variable and unreliable. Whereas a large area of uniform pressure exists in the muscle belly. Therefore, placement of the sensors in this location will yield IMP measurements that are relatively insensitive to transducer placement and the tension calculated will be more reliable.
Since the current FE set-up allows great flexibility in model geometry (non-constant pennation angles, multi-pennate muscles), the model can be used to determine the IMP distribution expected in various animal and human muscles. The model may also predict in which muscles IMP is easily and reliably measured, and which muscles will present difficulty. The uniform distribution of muscle pressure in sub-maximally contracted muscle may be inaccurate in the current FE simulation, since this was modelled by sub-maximally activating all muscle fibres equally. However, during sub-maximal contraction in vivo, a time-varying collection of muscle fibres may be recruited maximally with the remainder being relaxed. This would produce a distribution of fibre tensions across the cross section of the muscle belly, perhaps yielding a non-uniform pressure distribution. The current model will be expanded in the future to allow for non-uniform muscle fibre recruitment in order to simulate IMP more physiologically during sub-maximal contraction.
The current FE model has only been used to simulate steady-state maximal, submaximal and relaxed isometric contractions. The validating animal study was exclusively isometric. If IMP is to be reliably used in vivo as a method for measuring muscle tension in real-time during biomechanically relevant motions, then the IMP-tension relationship must be characterized for dynamically contracting muscle. The current FE model is being expanded to simulate concentric and eccentric contractions, and to model distributed muscle fibre recruitment behaviour in sub-maximally contracted muscle. The results of these simulations will no doubt require validation based on further animal model testing.
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